Ultrasound is a unique and exciting theranostic modality that can be used to track drug carriers, trigger drug release and improve drug deposition with high spatial precision. In this review, we briefly describe the mechanisms of interaction between drug carriers and ultrasound waves, including cavitation, streaming and hyperthermia, and how those interactions can promote drug release and tissue uptake. We then discuss the rational design of some state-of-the-art materials for ultrasound-triggered drug delivery and review recent progress for each drug carrier, focusing on the delivery of chemotherapeutic agents such as doxorubicin. These materials include nanocarrier formulations, such as liposomes and micelles, designed specifically for ultrasound-triggered drug release, as well as microbubbles, microbubble-nanocarrier hybrids, microbubble-seeded hydrogels and phase-change agents.
Rational Design of Ultrasound-Triggered Drug Carriers
Early reports in the field of ultrasonic drug delivery demonstrated that the application of ultrasound energy alone may facilitate intracellular delivery of molecules [1] [2] [3] [4] [5] [6] [7] . Therefore, it stands to reason that ultrasound with ultrasound-responsive materials can be an effective tool for enhancing the therapeutic efficacy of a drug during therapy. In this review, we cast a selection of recent innovative materials for ultrasound-triggered drug delivery into the rational design paradigm in order to identify general design rules that scientists and engineers can use in their quest for more potent drug carriers. Our main focus is on ultrasound-targeted drug delivery; gene therapy has been recently reviewed elsewhere [8] .
We start by defining the general rational design paradigm: that materials can be engineered for a specific application by understanding the key interrelationships between composition, processing, structure, property and performance. In drug delivery, the main performance criterion is the therapeutic index (TI), defined as the drug dose that produces a toxicity in 50% of the population (TD 50 ) divided by the minimum effective dose for 50% of the population (ED 50 ). (1) Targeting increases TI by simultaneously increasing the dose required for toxicity and decreasing that for effective therapy. This is achieved by delivering a greater percentage of the drug to the target tissue and avoiding healthy tissue. For ultrasound-triggered drug delivery, the main properties that are necessary to achieve a significant increase in TI are (1) stable encapsulation of the drug compound prior to application of ultrasound, (2) release of the drug by ultrasound stimulation and (3) the ability to image the carrier and monitor delivery of the drug cargo. The adoption of the third criterion provides theranostic control capabilities to the drug delivery system and is ideally suited for ultrasound, which is widely used for both imaging and therapy.
Several types of nano, micro and macro structures have been developed with these properties in mind. These include microbubbles, liposomes, micelles, phase-change emulsions, microbubble-loaded hydrogels and other interesting structures. In this review, we illustrate a few promising structures by focusing on how they were synthesized and characterized, how they interact with ultrasound, and how they performed at ultrasoundtriggered drug delivery.
Ultrasound Triggers
As an ultrasound wave propagates through tissue in the body, several physical effects occur which can be used as triggers for ultrasound-mediated drug release. These physical effects include simple pressure variation, acoustic fluid streaming, cavitation and local hyperthermia. Rational design of an ultrasound-triggered drug carrier typically involves designing the material to respond to one or more of these triggers.
Pressure Variation
In medical ultrasound, transducers are used to generate longitudinal pressure waves, which are transmitted into the body at varying frequency and amplitude. The broad range of biomedical ultrasound frequencies are 0.1-50 MHz and peak negative pressures are 0.01-10 MPa [9] [10] . The acoustic waves are attenuated as they pass through tissue owing to absorption and scatter of the acoustic energy, and this effect typically increases with increasing transmit frequency. Near 1 MHz, however, this attenuation is minimal and deeptissue imaging/therapy is possible. Ultrasound is also characterized by pulse length and shape, as well as pulse repetition frequency. For imaging, the reflections and scatter of acoustic waves are detected and used to generate an image. For drug delivery, on the other hand, acoustic waves are used to stimulate the carrier to release its cargo, and/or provide other bioeffects such as enhanced vascular permeability. The key mechanisms of drug carrier interactions with acoustic waves are cavitation, acoustic streaming and hyperthermia.
Cavitation
Compressible objects, such as microbubbles, contract and expand as they experience the compression and rarefaction cycles of passing acoustic waves. These volumetric oscillations can facilitate drug release, increased drug uptake and strong backscattered echoes that can be used for imaging. The type of cavitation depends highly on the amplitude and frequency of the ultrasound wave, as well as the size and material properties of the bubble. In many cases, the bubble activity can be divided into "stable" or "inertial" cavitation regimes depending on the mechanical index (MI) [11] . The MI is defined as the derated in situ peak negative pressure (PnP) divided by the center frequency (F c ) [11, 12] : (2) where the units of PnP and F c are MPa and MHz respectively. The MI is by no means a perfect measure or predictor of biological consequence and does not account well for the presence of ultrasound-sensitive materials in the body, which are discussed in this review. In general, diagnostic imaging occurs at MI levels below 1.9, which is the maximum allowable MI for clinical imaging applications without microbubbles [12] . A maximum MI of 1.9 would likely apply for imaging incompressible drug carriers, such as micelles and liposomes. Microbubbles, on the other hand, interact strongly with ultrasound by acting as "cavitation nuclei" [13] , and the maximum allowable MI when using microbubbles is 0.8 [14] . Below an MI of 0.8, microbubbles undergo stable cavitation, in which the microbubble is stable over many acoustic cycles, and which is often characterized as a backscattered signal centered at the fundamental and harmonic frequencies. It is unclear what the maximum allowable MI would be for imaging phase-change agents.
Therapeutic ultrasound, in which biological effects are desired, uses higher MI values. High MI ultrasound can result in the violent collapse of gas bubbles, a phenomenon known as "inertial cavitation" [15] . This high energy event is associated with extreme, localized pressures and temperatures that can disrupt the drug carrier and enhance drug uptake. In addition to acting on preformed microbubbles, inertial cavitation can be nucleated in the aqueous phase adjacent to a drug carrier. Alternatively, cavitation can be nucleated within the hydrophobic portion of a drug carrier, such as within the lipid bilayer of a liposome, due to weaker intermolecular cohesive forces compared to water. These latter mechanisms are important for drug targeting using micelles and liposomes. The biological consequences from acoustic phenomena are discussed in detail elsewhere [12, [16] [17] [18] [19] . For comprehensive reviews on the physical effects of ultrasound on compressible microbubbles, please see articles by Qin et al. [20] and Postema et al. [21] .
Acoustic Streaming
Radiation forces experienced by reflectors and scatterers in the ultrasound field can lead to localized particle displacements and fluid currents, termed "acoustic streaming" [15] . Acoustic streaming may involve "bulk streaming", where fluid is moved in the direction of the propagating sound wave, or "microstreaming" wherein localized eddies or currents are generated next to cavitating bodies [22] . Bulk streaming produces a "radiation force" that can move particles in the direction of the propagating ultrasound wave. For stably cavitating microbubbles, radiation forces are maximal at driving frequencies near the microbubble resonance frequency. Radiation forces can be used to displace particles in blood [23] , to facilitate adhesion between circulating agents and the endothelium, and to drive particles into target tissue [24, 25] . Microstreaming is another effect of cavitation that can increase the local mass transfer coefficient through enhanced convection, and it can induce shear stresses that destabilize drug carriers and permeabilize cell membranes and vascular endothelia. The effects of microstreaming around cavitation bubbles can be modeled in exquisite detail [26] , and the overall phenomenon may be exploited to promote extravasation and delivery of circulating agents to target tissue.
Hyperthermia
Ultrasound energy is dissipated to thermal energy as the acoustic waves propagate through tissue and generate friction. Focused ultrasound can lead to localized tissue heating [27] , which may be monitored and guided by magnetic resonance imaging (MRI) and other thermometric imaging techniques [28] [29] [30] . Studies have shown that cavitation bubbles can enhance ultrasonic heating [31] [32] [33] . Tissue hyperthermia can be used to release drugs from thermo-sensitive carriers designed to destabilize above specific temperatures. Specific examples of thermo-sensitive micelle and liposome carriers are discussed in this review.
Nanocarriers
Nanocarriers are smaller than one micron in size and typically have the advantages of longer persistence in systemic circulation and greater diffusivity through tissue. By virtue of their small size, one or more nanocarriers can be taken up by a single cell to deliver the drug payload. These advantages are often tempered, however, by relatively low ultrasound responsiveness and, as will be discussed later in this review, recent innovations have combined nanocarriers with larger, more ultrasound-responsive microbubble structures.
Micelles
Composition and Structure-Micelles are formed by amphiphilic molecules, such as lipids or amphiphilic di-block or tri-block copolymers. The amphiphlic molecules selfassemble when exposed to aqueous media to form a hydrophobic core surrounded by a hydrophilic corona (Fig. 1) . Association of molecules typically is mediated through hydrophobic forces, although electrostatic attractive forces may also lead to self-assembly. Micelles are typically 10-100 nm in diameter, depending on material composition, and are capable of storing hydrophobic drugs within their core to form so-called "swollen micelles" [34] .
The main advantage of micelles is their relative ease of fabrication. Above the critical micelle concentration (CMC), they self-assemble in aqueous solution, often with the hydrophobic drug spontaneously partitioning into the nonpolar environment of the micelle core. Micelles also beak apart and release the drug when diluted below the CMC. The CMC is a complex property that depends not only on the structure of the amphiphile, but also the local microenvironment. In blood, other amphiphiles, association colloids and biomembranes are present that may alter the chemical potential gradient between monomers in the micelles and those in the milieu, thus shifting the CMC to a higher value. Consequently, micelles that are stable in saline may be found to be unstable when introduced into the bloodstream, where they disassemble and prematurely release their cargo drug.
One may avoid premature micelle disassembly by the use of highly hydrophobic amphiphiles that have a very low CMC, even in blood and tissue. Micelles made from low-CMC compounds may be difficult to generate by simple film hydration and sonication methods. Instead, one may start with an organic co-solvent, which dissolves the drug and amphiphiles as monomers, and then add water in a controlled fashion to promote selfassembly of drug-loaded micelles that then become kinetically trapped as the co-solvent is exchanged with water. This process can be done with remarkable precision using techniques such as "nano-flash precipitation" [35] .
Interactions with Ultrasound-Micelles have been shown in numerous studies to release their drug cargo when exposed to ultrasound [36] [37] [38] [39] . Experimental studies have correlated drug release with the onset of ultrasound-induced cavitation. Husseini et al. [40] demonstrated that lower ultrasound frequencies (20 kHz) achieved the highest levels of release of the anti-cancer agent doxorubicin (DOX), and the efficiency of drug release decreased with increasing frequency up to 90 kHz. Similar results were achieved using pluronic micelles stabilized by an interpenetrating network of poly(N,N-diethylacrylamide) that prevented destabilization upon dilution [41] . Husseini et al. [42] provided further evidence for the role of cavitation by correlating micelle drug release with subharmonic acoustic emissions. Marin et al. [43] found that low-frequency ultrasound (20-100 kHz) was more effective at releasing DOX from micelles. For example, 10% release required only 0.05 W/cm 2 and 20 kHz, but as much as 2.4 W/cm 2 at 67 kHz, and 7.2 W/cm 2 at 1 MHz. More recently, DOX release was monitored in pluronic micelles during 70-kHz ultrasound exposure by measurement of the fluorescence emission, which becomes quenched when the DOX molecules enter the aqueous medium [44] . Interestingly, rapid DOX re-uptake into micelles was observed immediately following ultrasound exposure, indicating that drug release is a reversible process [44] (Fig 2) . Enhanced micellar delivery at lower frequency, and hence higher MI, indicates that inertial cavitation is an important mechanism in ultrasound-triggered release.
Mohan et al. [45] demonstrated that ultrasound can trigger the release of DOX from micelles taken up into the cell cytoplasm. Deprotonated DOX (characterized by increased hydrophobicity and more efficient micellar encapsulation) used in this study demonstrated poor nuclear localization following intracellular uptake in cultured cells. The application of ultrasound (2 W/cm 2 at 3 MHz) increased both intracellular uptake and nuclear localization of micelle-loaded DOX, as determined by fluorescence intensities in the cytosol and nuclear structures from confocal imaging.
Hasanzadeh et al. [46] used a novel dual-frequency sonication approach to release encapsulated DOX from pluronic P-105 based micelles. In this study, low frequency (27.7 kHz at 0.02 and 0.04 W/cm 2 ) ultrasound was used in combination with higher frequency ultrasound (3 MHz at 1 and 2 W/cm 2 ). Hasanzadeh et al. also demonstrated significantly higher (~1.5-fold) levels of DOX release using simultaneous dual frequency application compared to either frequency alone, suggesting the mechanisms of release using high and low frequency ultrasound are synergistic. Sonication also demonstrated improved intratumoral DOX uptake in vivo compared to free DOX and micelle-encapsulated DOX without ultrasound. However, single frequency sonications were not performed as comparison. It should be noted that dual-frequency sonication resulted in increased local mild-hyperthermia (albeit below 42° C) during sonication, and thermal mechanisms may have also been at play.
Recent Progress-Recent work has focused on combining biochemical (ligand-receptor) cell targeting techniques with ultrasound-mediated drug release in order to maximize the TI. For example, Husseini et al. [44] recently explored the effects of cavitation on DOX release from folate-conjugated micelles. This approach is promising, but more in vitro and in vivo studies must be done to further explore the advantages of receptor-targeted micelles with ultrasound.
Recent progress has also been made by exploring new ultrasound-cleavable micelle compositions and structures. Wang et al. [47] utilized a novel poly(ethylene oxide)-blockpoly(2-tetrahydropyranyl methacrylate) (PEO-b-PTHPMA) copolymer to form ultrasound responsive micelles with weaker chemical bonds meant to be more sensitive to both pH and temperature. The thermo-sensitivity of PEO-b-PTHPMA polymers was explored previously by Pelletier et al. [48] , who demonstrated that PEO-b-PTHPMA micelles are disrupted following thermally induced hydrolysis of the 2-tetrahydropyranyl methacrylate (THPMA) side chains, converting PTHPMA to poly(methacrylic acid) PMAA and increasing the overall polarity (and hydrophilicity) of the polymer. The resulting PMAA-PEO diblock polymers were more soluble, leading to rapid micellar destabilization. Wang et al. [47] used the same micelle formulation to demonstrate that hydrolysis and disruption of the side chains could be achieved efficiently with higher frequency ultrasound exposure (1.1 MHz).
Liposomes
Composition and Structure-Liposomes are one of the most commonly used carriers for in vivo drug delivery due to their inherent biocompatibility and versatility [49] . These drug carriers are typically 100-200 nm in diameter and contain an aqueous core surrounded by a self-assembled lipid bilayer membrane. The phospholipid bilayer of the liposome mimics the cell membrane and is amenable to loading of lipophilic drugs. Alternatively, hydrophilic molecules can be loaded into the aqueous core. Liposomal nanocarries have been used for over five decades as drug delivery systems [49] and are particularly useful in cancer therapies for the delivery of insoluble drugs, such as DOX [50] . Encapsulation of drugs into liposomes increases TI by increasing blood circulation half-life, thus taking advantage of passive targeting through the enhanced permeability and retention (EPR) effect of solid tumors with leaky vasculature [51] . Current research is focused on further increasing TI by the use of ultrasound targeting, which can stimulate liposomes that have accumulated in the tumor and are passing through tumor vasculature to release their drug cargo.
Interactions with Ultrasound-Numerous studies have demonstrated that ultrasound can trigger release of drugs from liposomes [52] , although the predominant underlying mechanism of drug release is not completely understood. It is likely that several mechanisms are at play, and the dominant mechanism of drug release depends on the particular ultrasound parameters and the chemical composition of the liposomes. Potential mechanisms for drug release from liposomes include cavitation, thermal effects and acoustic streaming, and these mechanisms may not be completely independent (Fig. 3) .
Cavitation involves the generation and sudden collapse of a vapor cavity at or near the lipid bilayer membrane of the liposome. For drug delivery, the cavitation event must be sufficiently violent to disrupt the membrane and release the liposomal contents. Recently, Krasovitski et al. [53] described how cavitation could nucleate in the bilayer membrane owing to the lower intermolecular cohesion forces between lipid acyl chains, which have relatively weak dispersion forces in comparison to the strong hydrogen-bonding forces of water.
Experimental research has suggested that cavitation induced by low-frequency ultrasound can destabilize liposomes to promote release of internal cargo [54] . Schroeder et al. [55] used low-frequency (20 kHz) ultrasound exposure to demonstrate triggered release of three different encapsulated drugs (methylprednisolone hemisuccinate, doxorubicin and cisplatin). Ultrasound exposure periods up to 180 seconds demonstrated efficient release (~80%) of drug from liposomes, independent of the drug or method of drug loading. This result was attributed to permanent destabilization of ~20% of liposomes and the formation of transient pores in the remainder. Somaglino et al. [56] recently demonstrated that cavitation plays a strong role in the release of DOX from liposomes. In order to avoid significant temperature changes from the ultrasound exposure and isolate the effects of cavitation, the authors utilized high-frequency (1 MHz) pulsed ultrasound to sonicate DOX-carrying liposomes. The inertial cavitation dose (CD) was measured from a broadband acoustic signal and free radical formation. DOX release was tested from two different liposome formulations (Caelyx® and Epi® liposomes), and both showed a high correlation between %DOX release and CD. The findings implied that CD was a better predictor of drug release than total exposure time, although follow-up studies demonstrated that this technique is more complicated in vivo 57]. Research by Evejen et al. demonstrated that controlling CD in vivo can facilitate drug release from intra-tumorally injected liposomes via non-thermal mechanisms [58] .
While cavitation is thought to be the dominant mechanism of liposomal drug release, several reports have illustrated that thermal effects could also play a role. The original liposomal carriers (e.g., Doxil™) were not designed with ultrasound-triggered release in mind. However, novel liposome materials have been developed to exploit the thermal effects of focused ultrasound in order to promote a less violent mechanism of drug release. The permeability of liposomes can be enhanced by increasing local temperature above the lipid main phase transition temperature (T m ) [59, 60] . Needham et al. [61] developed a temperature-sensitive liposome (TSL) formulation wherein the T m was just above physiological temperature, producing drug release with mild hyperthermia. In this study, the authors demonstrated more efficient DOX release as phospholipids in the bilayer transitioned from the gel-like (ordered packing) condensed state to the more fluidic (disordered packing) state. The proposed mechanism was attributed to highly permeable boundary defects arising during the phase transition. The authors found highly efficient and reproducible xenograft tumor regression compared to traditional temperature-insensitive liposomes.
An investigation of the efficacy of TSLs was recently performed by Gasselhubber et al. [62] , who developed a multi-compartment mathematical model describing intracellular accumulation of DOX in tumors with respect to time and release rates from TSLs. The model was used to determine the optimal release rate constants of DOX from TSLs (and non-TSLs) in order to maximize intracellular DOX uptake in tumors while minimizing systemic exposure of the drug. Intracellular uptake and biodistribution of highly responsive TSLs with rapid release rates in response to hyperthermia (minutes) and less responsive TSLs (hours) were compared with commercially available stealth liposomes (Doxil™, with release rate constants on the order of weeks) and free DOX. The optimal release rate constant was estimated to be ~45 min to achieve maximum intracellular uptake and drug efficacy. This study demonstrated that control over drug release timing is a critical aspect of drug delivery and is a necessary part of a rational design approach to optimize chemotherapeutic treatments. While this study did not contain in vivo work, validation of the model was based on data from a preceding in vivo study by Kong et al. [63. Hyperthermia was not induced by ultrasound in these studies, but several subsequent studies have demonstrated that ultrasound-induced hyperthermia can effectively cause release of DOX from TSLs. For example, Dromi et al. [64] used pulsed high-intensity focused ultrasound (HIFU) to demonstrate that TSLs, similar to those used by Needham et al., produce more rapid drug release and local DOX delivery to tumors compared to traditional temperatureinsensitive liposomes. Paoli et al. [65] showed the importance of tracking biodistribution of both the lipid shell and drug contents in determining the most effective lipid formulation. These studies indicated that local ultrasound-induced hypothermia is an effective method for controlling drug release.
Although the mechanisms governing ultrasound-mediated release have been largely attributed to cavitation and thermal effects [66] , more recent research has demonstrated that acoustic streaming can also achieve efficient drug release from liposomes. Oerlemenas et al. [67] encapsulated hydrophilic (fluorescein) and hydrophobic (Nile Red) dyes into TSLs and traditional liposomes and evaluated the release kinetics under 1.5-MHz focused ultrasound. Interestingly, the authors did not observe release of Nile Red dye from the liposomes for either TSLs or traditional liposomes when they were subjected to increased temperature above the lipid T m . However, Nile Red release was observed in both liposome formulations when exposed to high-intensity focused ultrasound. Release of Nile Red in this case was attributed to non-cavitational and non-thermal effects of ultrasound. The authors speculated that radiation force induced collisions of particles during ultrasound exposure could be responsible for the release of Nile Red from the lipid bilayer. This latest study provides new insight into the mechanisms of hydrophobic drug release from lipid bilayers.
Overall, ultrasound-triggered drug release of chemotherapeutic compounds from liposomes has been clearly established as feasible, although the dominant mechanisms remain unclear. It is likely that several mechanisms are simultaneously at play, making it difficult to isolate and study the specific phenomena in vivo. Still, the development of novel ultrasound-responsive liposomes holds great promise in targeted therapy and will likely be of great importance in future clinical work.
Recent Progress-Research elucidating the mechanism of drug release from liposomes has led to the development of so-called "sonosensitive" materials that could be utilized for more efficient release of drugs during ultrasound exposure. Evjen et al. [68] demonstrated that sono-sensitivity of liposomes could be enhanced by incorporating 1,2-distearoyl-snglycero-3-phosphatidylethanolamine (DSPE) into the lipid bilayer. The authors speculated that the inclusion of DSPE lipids promotes the induction on local defects and polymorphic rafts, thus decreasing their stability under ultrasound application. The results of the study demonstrated that increasing DPSE concentration could improve the efficiency of DOX release by 7-fold compared to a more traditional liposomal DOX formulation.
Summary
Polymeric and lipid nanocarriers have shown great promise in research and clinical settings for the treatment of cancer. Thermo-responsive and shear-responsive drug carriers have been developed and shown to effectively trigger drug release and improve therapeutic efficiency. The drawback to this approach is that systemic targeting of the drug carriers to the desired tissue cannot be easily achieved. Ultrasound-responsive drug carriers are by their nature less stable than conventional nanocarriers, and they may easily lose their contents en route to the target tissue. Those circulating agents that retain their cargo only remain in the focal region of ultrasound for short periods of time (seconds), whereas as the typical exposure times required for ultrasound-triggered release are much longer (minutes). Thus, the main mechanism of tissue targeting in vivo is still passive extravasation of the circulating agents into desired tissue, namely the EPR effect in tumor targeting. Alternate methods of drug release from circulating agents are required for more advanced drug targeting. In the following section of this review, we discuss how this can be achieved using microbubbles.
Microbubbles Composition and Structure
Microbubbles are commonly used as vascular probes for ultrasound imaging, and they can be used as drug carriers as well [8, 18, 20, 69] . Microbubbles comprise a gas-filled core and stabilizing shell of lipid, polymer and/or protein [70] . Unlike lipid and polymer based nanocarriers, microbubbles are on the micron scale, ranging 1-10 µm in diameter. Due to their larger size, systemically delivered microbubbles do not passively extravasate. Instead, they remain in circulation until they dissolve or are actively cleared by the mononuclear phagocyte system (MPS), with most uptake in the lung, liver and spleen [71, 72] .
Interactions with Ultrasound
Microbubbles are uniquely suited for ultrasound-triggered drug delivery. The compressible nature of the gas core allows the microbubble to volumetrically oscillate in response to the compression and rarefaction portions of the ultrasound wave [20] . Microbubble oscillation causes an acoustic backscatter that can be detected by clinical ultrasound scanners, which makes them excellent ultrasound probes for monitoring blood perfusion by ultrasound imaging. Due to their ability to generate a micro-scale mechanical response in a millimeterscale ultrasound field, the bioeffects of ultrasound exposure are greatly focused and magnified by the presence of microbubbles. For example, the energy required to generate cavitation is lowered by microbubbles, which themselves act as cavitation nuclei [16, 73] . Microbubbles facilitate cavitation-related phenomena, such as temperature rise and free radical formation [16, 18] . Additionally, microbubble volumetric oscillations enhance the generation of shear forces and acoustic streaming [20] . The mechanical response of microbubbles to ultrasound can also promote physiological changes that improve extravasation of circulating drugs into target cells and tissues [8, 18, 70, 74] . The mechanisms of microbubble permeabilization of the endothelial vasculature have been recently reviewed in more detail [8] . The mechanisms include increased permeability of the cell membrane by violent collapse of the microbubbles (inertial cavitation) or mechanical agitation of a stably oscillating microbubble (stable cavitation) near the boundary of the cell or vessel wall [20] (Fig. 4) . Ultrasound can also translate microbubbles in the direction of the propagating ultrasound wave through enhanced acoustic radiation forces [21, 24] . Such radiation forces can be applied using a clinical ultrasound scanner [75] . Through acoustic radiation forces, microbubbles may also squeeze through the endothelium and tunnel through soft tissue [76, 77] , possibly increasing the deposition of shell-loaded materials beyond the vasculature.
Recent Progress
Microbubbles were originally designed for ultrasound imaging applications. Even without physically attaching drugs to the surface, numerous studies have demonstrated that the mechanical response of microbubbles to ultrasound can promote extravasation and localized delivery of circulating agents [78, 79] . However, it is generally accepted that incorporation of a drug payload onto the microbubble will provide greater control over drug release and deposition and therefore an increased TI. Here, we discuss microbubble formulations developed to improve hydrophobic drug loading. Two distinct classes of microbubbles will be discussed, namely soft-shelled and hard-shelled microbubbles. Both classes have distinct advantages and disadvantages in targeted drug delivery.
Soft-Shelled Microbubbles-
The term "soft-shelled microbubbles" refers to microbubbles comprising a thin surfactant shell material, such phospholipids or proteins. The thin, flexible shell makes the microbubble highly sensitive to acoustic waves. At low amplitudes, the microbubbles stably oscillate in volume (stable cavitation). At high amplitudes, microbubbles undergo rapid expansion and contraction, which results in violent microbubble destruction (inertial cavitation) that has sufficient energy to permeabilize surrounding tissue. Because of the thin shell, drug loading in soft-shelled microbubbles is limited. Improved drug loading can be accomplished, however, by physical attachment to the surface, and several research groups have used this approach to generate drug-loaded, phospholipid-coated microbubbles [69] (Fig. 5) .
The earliest work on drug-loaded soft-shelled microbubbles was described by Unger et al. [80] , in what the authors called "acoustically active lipospheres" (AALs). AALs were formulated by mechanical agitation of liposomes, paclitaxel-carrying emulsion and a fluorocarbon gas. The paclitaxel was emulsified in soybean oil, which putatively became trapped beneath the phospholipid monolayer at the gas-liquid interface. Shielding the paclitaxel in this way reduced drug exposure to the plasma serum. Targeting AALs with RGD peptides was later described by Tartis et al. [81] . This study was one of the first to combine the use of drug-loaded microbubbles with both biochemical targeting and ultrasound targeting. The authors used acoustic radiation force to promote vascular adhesion and "break" pulses (high intensity ultrasound pulses) in order to destroy the microbubbles and release the shell-encapsulated drug in the region of ultrasound application.
More recent work on DOX loading onto microbubbles was described by Tinkov et al. [82] . Instead of encapsulating an oil layer beneath the shell, loading was achieved by simply resuspending a dried mixture of phospholipids in an aqueous suspension containing DOX. The liposome suspensions were emulsified with a hydrophobic gas to form DOX-loaded microbubbles. Based on previous literature detailing the interactions between lipophilic (and slightly positive) DOX molecules with anionic lipids [83, 84] , the authors reasoned that DOX would be incorporated into the phospholipid shell of the microbubble. An interesting result from this study was that DOX loading in the shell caused a fluidizing effect that lowered the T m of the lipids. Targeting with DOX-loaded microbubbles showed a 12-fold increase in DOX uptake by tumor tissue with the application of ultrasound [82] . Ultrasoundtriggered drug release of DOX slowed tumor growth significantly without showing signs of toxicity.
Instead of relying on electrostatic uptake of DOX in the microbubble shell, Wu et al. [85] chemically combined DOX to pluronic F68 triblock polymers, a process described earlier by Zhao et al. [86] , and formulated Tween-based microbubbles along with a lipid-conjugated bFGF targeting peptide, which were developed by Terada et al. [87] . The authors claimed 95% incorporation of the loaded DOX into the microbubble shell. Preliminary in vivo data demonstrated that bFGF-labeled, DOX-loaded microbubbles under ultrasound exposure slowed the growth of xenograft tumors by ~25% compared to untreated controls, thus demonstrating that DOX conjugation to pluronic F68 is an effective method of incorporating DOX into a microbubble shell.
Recently, our research group described the use of natural lung surfactant extract (Survanta ® , Abbott Nutrition) as a microbubble shell material to improve drug payload and delivery [88] . Pulmonary surfactant extracts such as Survanta® contain hydrophobic surfactant proteins (SP-B and SP-C) that facilitate lipid folding and retention on lipid monolayers [89] . In this study, we showed that Survanta-based microbubbles exhibit wrinkles and increased lipid retention on the microbubble surface in the form of surface-associated aggregates (Fig  6) . Consequently, drug payload was increased by over 2-fold compared to synthetic lipidcoated microbubbles lacking SP-B and SP-C. Survanta-based microbubbles were found to be highly echogenic and demonstrated improved targeted deposition of a model lipophilic drug in vitro.
Hard-Shelled Microbubbles-The term "hard-shelled microbubbles" refers to the use of cross-linked or entangled polymers that from a thicker and less compliant microbubble shell. The thicker shells provide higher stability and drug payload in comparison to soft-shelled microbubbles. However, hard-shelled microbubbles also show lower ultrasound responsiveness in comparison to lipid or protein-shelled microbubbles [90] . At low ultrasound pressures (<1 MPa), hard-shelled microbubbles typically do not oscillate due to a dampened acoustic response. At high acoustic pressures (>1 MPa), however, the microbubble shell cracks, and the encapsulated gas extrudes and escapes into the surroundings. Gas escaping rapidly from a fractured microbubble shell could potentially propel the microbubble towards the vasculature wall or allow extravasation of the contrast agent, as suggested by Mehier-Humbert et al. [91] .
Eisenbrey et al. [92] were the first to evaluate the potential of hard-shelled poly(lacticacid) microbubbles for the encapsulation and delivery of DOX. In this study, three different methods of DOX loading were evaluated to determine payload and release kinetics, namely 1) DOX loading into the microbubble shell, 2) DOX loading by surface adsorption onto prefabricated microbubbles, and 3) DOX loading by absorption during microbubble fabrication. The authors showed a high loading efficiency of DOX when absorbed into the shell during microbubble fabrication, presumably while the microbubble shell was still hardening. However, a rapid, burst release of DOX was observed for these microbubbles prior to ultrasound triggering. Loading of DOX into the microbubble shell showed high loading efficiency and better retention of DOX in solution, and was thus chosen as the preferred method of loading in follow-up experiments. Eisenbrey et al. [93] recently reported that increasing the ultrasound exposure time dramatically reduced the size of the particles, presumably due to fragmentation of the shell and release of the gas core. Cochran et al. [94] utilized the same DOX-loaded microbubbles to demonstrate significantly higher DOX accumulation in hepatocellular carcinoma tumors implanted in rats, compared to free DOX alone. The authors attributed the improved DOX delivery to the formation of small polymer "shards" created during ultrasound fragmentation of the shell.
Recently, Dicker et al. [95] described a method of encapsulating soft-shelled lipid microbubbles within polymer microcapsules for improved microbubble stability in contrast imaging applications. In this study, the authors demonstrated that multiple small 1-2 µm lipid bubbles could be loaded into larger 3-5 µm poly(lactic acid)-based microcapsules. This dual polymer and lipid system combines the advantages of high drug payloads with echogenic properties of soft-shelled microbubbles. The authors of this study demonstrated more effective release of calcein from the microbubbles-loaded capsules compared to unloaded capsules using ultrasound as a trigger. This study showed that co-encapsualtion techniques may be beneficial for maximizing drug payloads in therapeutic drug delivery applications.
Nanocarrier-Microbubble Hybrids
Several research groups have proposed the development of nanocarrier-microbubble hybrids, wherein drug-containing liposomes, micelles or other nanoparticles are physically attached to the microbubble surface. These hybrids take full advantage of the high drug loading capacity of the nanocarriers and the systemic targeting capability and vascular permeabilizing effect of microbubbles. For example, Kheirolomoom et al. [96] used biotinavidin linkage to attach liposomes to the surface of microbubbles. Liposomes containing a hydrophobic dye were loaded at high efficiencies (10 3 to 10 4 liposomes per bubble for 200-nm and 100-nm liposomes, respectively). The calculated increase in available surface area for drug loading would be 34-fold higher, without significantly increasing the diameter of the microbubble drug carrier. This study utilized fluorescent cholesterol as a model drug to demonstrate higher drug deposition from liposome-loaded microbubbles in vitro, compared to fluorescent cholesterol loaded directly in the microbubble shell. Lentacker et al. [97] used a similar biotin-avidin linkage system to investigate the mechanism of release and intracellular uptake of DOX-loaded liposomes attached to microbubbles.
Recently, Fan et al. [98] developed a novel DOX-loaded microbubble containing superparamagnetic iron oxide (SPIO) nanoparticles for dual modality imaging and improved image-guided drug delivery. DOX was loaded into the microbubble shell prior to microbubble formulation, using the same procedure described by Tinkov et al. [82] . Hydrophobic SPIO nanoparticles, which are used as MRI probes, were loaded into the shell during microbubble formulation. The authors successfully used focused ultrasound to trigger DOX and SPIO release from circulating microbubbles to brain glioma tumors. The authors also demonstrated that the delivery of SPIO to brain tumors was improved using magnetic targeting in combination with focused ultrasound. However, the improvement in DOX delivery using magnetic targeting was not measured. The same group also developed hardshelled PLA microbubbles for the encapsulation of DOX and iron oxide [99] , and they demonstrated a higher rate of apoptosis in tumor lymph models with exposure to ultrasound.
One very promising application of magnetic nanoparticle-loaded microbubbles was recently demonstrated Stride et al. [100, 101] , who showed that targeting in flow can be significantly increased by simultaneous application of a magnetic field and ultrasound. Interestingly, their magnetic microbubbles experienced a force toward the magnetic source that was stronger than estimated in a free-body analysis, suggesting a coupling mechanism that may be utilized to enhance the targeting capability of this system [102, 103] . Our research group recently showed that coupling of plasmonic gold nanoparticles onto microbubbles can enhance the photoacoustic signal compared to the nanoparticles alone, thus opening the possibility of dual modality ultrasound/photoacoustic imaging and photothermal therapy [104] .
Microbubble-loaded hydrogels for targeted drug delivery
The field of ultrasound-triggered drug release has focused mainly on targeting of systemically circulating agents. However, methods have been developed for implantable drug release systems that can be triggered using ultrasound [105] [106] [107] (Fig 7. ). For example, Epstein-Barash et al. [108] developed an ultrasound-triggerable hydrogel for in vivo drug release. This system comprised a novel injectable Dextran-based hydrogel with dye-loaded liposomes and microbubbles. This material was used as an implant for on-demand, localized drug delivery via pulsed ultrasound application. The putative mechanism for this system involves enhanced convection and shear forces owing to the mechanical response of microbubbles in the ultrasound field, which promotes drug release. In vivo experiments using trypan blue dye demonstrated a 2-fold increase of dye release into the mouse skin with the application of a single ultrasound pulse. Microbubble-loaded hydrogels are a unique implantable material capable of serial applications of ultrasound-targeted drug delivery.
Phase-Change Agents
Microbubble contrast agents are orders of magnitude more responsive to ultrasound stimuli than nanocarriers. However, one of the main drawbacks is that microbubbles are too large to extravasate and reach tissue beyond the vasculature. Phase-change agents represent a novel class of materials that have been developed to combine the advantage of small size for nanocarriers to penetrate into tissue and cells with the excellent acoustic properties of microbubbles. Phase-change agents use fluorocarbons that remain liquid at room temperature and body temperature, and then spontaneously vaporize upon application of ultrasound. Thus, the particles can be introduced systemically on the nanoscale, where they extravasate into tissue adjacent to leaky vasculature. They can then be vaporized to form microbubbles that are acoustically active to enhance drug delivery (Fig. 8) or enhance tissue ablation in HIFU therapies [109, 110] . Importantly, the droplet cores can be loaded with hydrophobic drugs, such as DOX or hydrophilic compounds for drug delivery [111] . These materials have been developed as theranostic agents that have shown excellent potential as systemic drug carriers. For recent reviews on phase-change agents in imaging and therapy, see Rapoport [112] and Sheehan and Dayton [113] .
The concept of phase-change agents as drug carriers was pioneered by Rapoport et al. [114] , who used polymeric micelles in order to encapsulate liquid perfluoropentane (PFP) containing DOX. Polymer composition (PEG-PLLA or PEG-PCL) and polymer-to-liquid ratio were varied to control nanoemulsion size. For this system, increasing the temperature to 37°C caused the PFP nanodrops to vaporize into larger bubbles (mm size). Interestingly, heating and cooling cycles showed rapid growth of larger bubbles by coalescence. It was proposed that hypothermia targeted to the tumor region could generate larger microbubbles formed by coalescence of the vaporized nanodrops. The authors demonstrated feasibility of using polymer-stabilized PFP nanodroplets to deliver DOX to xenograft tumors, and they showed that tumor growth could be arrested by this method. This study was the first to demonstrate the potential of phase-change agents as effective ultrasound-triggered drug delivery vehicles. A follow-up study by Gao et al. [115] demonstrated that cavitation of the microbubbles following intra-tumoral uptake could effectively enhance intracellular DOX uptake into tumor cells as well.
This earlier work on phase-change agents for chemotherapeutic drug delivery was highly innovative, but difficulties in controlling the onset and rate of vaporization, microbubble size and subsequent coalescence have complicated clinical translation. More recent work by Rapoport et al. [112, 116] has focused on novel echogenic perfluoro-15-crown-5-ether (PFCE) nanodrops that exhibit long circulation lifetimes and greater control over vaporization and microbubble formation. In this system, droplet structures are maintained at body temperature allowing them to extravasate into tumor tissue. Ultrasound is then used to trigger nanodrop vaporization following accumulation into tumor tissue. PFCE nanodrops can also be used as MRI contrast agents for dual modality imaging. In the most recent work, tumor regression was achieved with paclitaxel-loaded PFCE droplets [116] . Due to the acoustic impedance mismatch between PFCE and surrounding tissue, the droplets could be imaged with ultrasound in circulation, allowing for the development of image-guided drug delivery. Similar approaches to dual modality imaging and therapy are being explored with vaporizable nanodrops, such as the development of Gd-coated PFC nanodrops for MR imaging and ultrasound-mediated tissue ablation [117] , and image-guided tagging of tissue with fluorescent markers [118] .
A similar study was reported by Phillips et al. [119] , who used perfluorocarbon (PFC) nanodrops made from a mixture of volatile decafluorobutane and less-volatile dodecafluoropentane at a 1:1 ratio. The mixture of PFCs was stable at room temperature for storage and required low energies of high-intensity focused ultrasound to cause droplet vaporization in the body. Additionally, the droplet sizes were reported to be 100-300 nm in size, small enough to extravasate into tumor tissue. The droplets were reported to be stable up to 48 hours.
Lin et al. demonstrated that PFC nanodrops (~100 nm) could be incorporated within liposomes (~200 nm) to form liposome-droplet hybrids (termed eLiposomes) with high DOX loading and effective DOX release [120] . DOX release from the eLipososmes was evaluated using low-frequency ultrasound application (20 kHz at 1 W/cm 2 ) and highfrequency ultrasound application (1-3 MHz at 1-5 W/cm 2 ). The release of DOX from eLiposomes at both low and high-frequencies was higher compared to liposomal DOX without PFC, although DOX release was far more rapid with low-frequency vs. highfrequency sonication (80% vs. 15% release after 60 seconds). The results from this study show that PFC nanodrop loading into liposomal DOX may be an effective tool for ultrasound triggered release, but effective phase transition of the PFC may require lowfrequency sonication.
Kagan et al. [121] demonstrated that phase-change agents can be utilized as an ultrasoundtriggered propulsion system to direct payload delivery in vivo at high velocities deep within the tissue. By loading perfluorocarbon nanodrops into conically shaped micron-sized structures, the authors demonstrated that ultrasound-triggered vaporization of the droplets could cause linearly directed propulsion (similar to the firing of a bullet through a barrel of a gun) at high velocities (>6 m/s). This method of ultrasound triggered drug delivery utilizes vaporization of droplets as a propulsion system that could be useful in a wide variety of in vivo applications that might require payloads to be delivered well beyond the vascular space.
Innovations have also been made regarding methods of formulating phase-change agents. Sheeran et al. [122] recently described two methods for generating low-boiling point fluorocarbon nanodrops. In the first method, perfluorobutane (PFB), which is normally a gas at room temperature, was liquefied and emulsified to form lipid-coated microbubbles. Remarkably, these lipid-coated PFB nanodrops were stable and did not vaporize upon heating to room temperature and body temperature. This hysteretic behavior has yet to be fully explained. Sheeran et al. [122, 123] also showed how to generate nanodrops by condensing gas-filled microbubbles through cooling and pressurization. This elegant method allows one to tailor the composition and size distribution of the nanodrops by first tailoring these properties in the precursor microbubbles. Once again, these nanodrops remained in the liquid form at room temperature and body temperature, but were converted to microbubbles by sonication with a relatively low mechanical index. Nanodrop formation by microbubble condensation offers a fountain of opportunities for new formulations and applications.
Conclusions
Ultrasonic drug targeting of chemotherapeutic agents has the potential to alter current clinical paradigms of cancer treatment to significantly improve therapeutic outcomes and the quality of life of patients undergoing chemotherapeutic treatment. In this review, we have discussed several state-of-the-art materials that are currently being developed for ultrasoundtriggered drug release. Although many of these materials are in the early stage of development, they have strong potential for the use in clinical drug delivery treatments as well as for image-guided drug delivery. Micelles comprise amphiphilic molecules that self-assemble to form a hydrophobic core, amenable to loading of hydrophobic drugs, and a hydrophilic corona. A) Micelles can be composed of PEGylated phospholipids, such as 1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-[polyethylene oxide] (DSPE-PEO). B) Other micelles are commonly composed of amphiphilic di-block and tri-block copolymers with hydrophobic units, such as poly(lactic acid) (PLA), linked to hydrophilic units, such as poly(ethylene oxide) (PEO). Ultrasound-induced cavitation can facilitate micelle disassembly and drug release. After ultrasound is removed, rapid reincorporation of the drug may occur as the micelles reform. Liposomes for ultrasound-triggered drug delivery. A) Liposomes comprise a phospholipid bilayer membrane and an aqueous core. Drugs, such as doxorubicin, can be loaded into the hydrophobic bilayer and then released through several ultrasound mechanisms: B) Drug release can be achieved by ultrasound-induced cavitation, which involves the generation and violent collapse of one or more gas bodies near the liposome. Microbubble nucleation and growth may also occur within the lipid bilayer of the liposome due to lower energies required to disrupt intermolecular van der Waals forces between lipid chains. C) Focused ultrasound can be used to increase the local fluid temperature to promote drug release from temperature-sensitive liposomes. D) Acoustic radiation-force streaming can increase the frequency of particle collisions and thus facilitate material transfer. Microbubble interactions with ultrasound. Extravasastion of circulating drugs may occur through inertial cavitation events at high mechanical index, causing disruption of the endothelial lining. At lower ultrasound pressures, volumetric oscillations of the microbubble can stretch or distend of the blood vessel [124, 125] , which also may facilitate endothelial disruption and drug extravasation. A more detailed description of microbubble interactions with blood vessels can be found in Sirsi et al. [19] . Loading of lipophilic drugs onto phospholipid microbubbles. Drug loading can be achieved by A) incorporating a thin layer of hydrophobic oil beneath the phospholipid monolayer shell, B) intercalating the drug between phospholipids within the monolayer, C) tethering the drug to the phospholipid head group, or D) loading the drug into nanocarriers (such as liposomes) tethered to the microbubble surface. A) Lung surfactant microbubbles with excess surface lipid buildup are more amenable to hydrophobic drug loading compared to synthetic microbubble formulations (such as DPPC:DSPE-PEG) that do not exhibit surface lipid retention. B) Fluorescence imaging demonstrating that excess lipid bulk can be shed by single acoustic pulses (shed lipid marked by arrows) to release model lipophilic drug (DiO) from the microbubble shell. Reprinted with permission [88] . Schematic of a microbubble-loaded hydrogel. Microbubble volumetric oscillations in the hydrogel facilitate release of liposomal drugs by increasing local convection and shear forces. Schematic of a phase-change agent mediated drug delivery to tumor tissue. Circulating phase-change agents (white) and drugs (red) are small enough to extravasate into tumor tissue via the EPR effect. Following extravasation into tumor tissue, phase-change agents can vaporize into microbubbles and promote intracellular uptake of drugs through inertial cavitation (sonoporation of the membrane) or stable cavitation (e.g., stimulation of endocytosis).
